Choi HF, Rademakers FE, Claus P. Left-ventricular shape determines intramyocardial mechanical heterogeneity. Am J Physiol Heart Circ Physiol 301: H2351-H2361, 2011. First published September 23, 2011; doi:10.1152 doi:10. /ajpheart.00568.2011 remodeling is considered to be an important mechanism of disease progression leading to mechanical dysfunction of the heart. However, the interaction between the physiological changes in the remodeling process and the associated mechanical dysfunction is still poorly understood. Clinically, it has been observed that the left ventricle often undergoes large shape changes, but the importance of leftventricular shape as a contributing factor to alterations in mechanical function has not been clearly determined. Therefore, the interaction between left-ventricular shape and systolic mechanical function was examined in a computational finite-element study. Hereto, finiteelement models were constructed with varying shapes, ranging from an elongated ellipsoid to a sphere. A realistic transmural gradient in fiber orientation was considered. The passive myocardium was described by an incompressible hyperelastic material law with transverse isotropic symmetry. Activation was governed by the eikonaldiffusion equation. Contraction was incorporated using a Hill model. For each shape, simulations were performed in which passive filling was followed by isovolumic contraction and ejection. It was found that the intramyocardial distributions of fiber stress, strain, and stroke work density were shape dependent. Ejection performance was reduced with increasing sphericity, which was regionally related to a reduction in the active fiber stress development, fiber shortening, and stroke work in the midwall and subepicardial region at the midheight level in the left-ventricular wall. Based on these results, we conclude that a significant interaction exists between left-ventricular shape and regional myofiber mechanics, but the importance for left-ventricular remodeling requires further investigation. cardiac mechanics; cardiac muscle; systolic function; finite-element model; myocardial contractility REMODELING OF THE LEFT-VENTRICLE (LV) is a (patho)physiological process that frequently occurs to maintain cardiac homeostasis under changing myocardial loading conditions (22). Pathological LV remodeling can occur after myocardial infarction, in case of pressure overload due to aortic stenosis or hypertension, in myocarditis, in idiopathic dilated cardiomyopathy, or when volume overload occurs due to valvular regurgitation (18). Despite the different etiologies of these diseases, the occuring LV remodeling is controlled by common fundamental processes (29), which involve changes in cellular physiology, myocardial tissue structure, and LV shape. However, the interaction between the physiological changes observed in the remodeling process and the associated mechanical dysfunction is still poorly understood. Clinical evidence has shown that an increase in sphericity of LV shape correlates with a reduced survival in patients with dilated cardiomyopathy (26). This suggests that LV sphericity has considerable influence, but it does not establish whether or not the LV shape itself is an important determining factor in the remodeling process. Therefore, the interaction between LV shape and mechanical function needs to be further investigated. Currently, popular methodologies to assess LV mechanical function are based on a quantification of wall stress through application of the Laplace law (41), which are favored because of mathematical simplicity. However, the comprehensive value of this simplifying approach can be questioned, since it does not incorporate the interaction between tissue structure and mechanical function, while assumptions about global LV shape are often required. Therefore, to determine the importance of LV shape for the mechanical function, the use of a computational finite element (FE) model is more adequate since it gives a more complete description of regional LV mechanics (24). However, in past FE studies (e.g., Refs. 9, 25) of LV mechanics, focus was mainly on the influence of fiber architecture or electromechanical tissue behavior, assuming a normal LV shape based on gross anatomical measurements while limited attention was paid to the physiological interpretation of intramyocardial heterogeneity obtained. Therefore, the influence of LV shape on passive compliance and fiber stress and strain at end diastole (ED) was examined in a FE model in a previous study (12). It was found that the compliance did not alter significantly with LV shape while the intramyocardial distributions of passive fiber stress and strain depended on regional longitudinal curvature and wall thickness. Based on the FrankStarling mechanism (34), it was expected that the distribution of fiber stress and strain and work load during systole could also depend on the LV shape. In a study by Geerts et al. (19), the influence of LV shape changes on transmural distributions of active fiber stress, as averaged over the ejection phase, and of sarcomere shortening was studied in ellipsoidal shape models but only at the equatorial level. Therefore, to investigate the influence of changes in LV shape on mechanical transmural distributions during systole in regional details, a computational FE study was performed using the LV shape models as developed by Choi et al. (12). Hereto, simulations of passive filling followed by contraction was performed for different LV shapes, while keeping the material behavior, mechanical activation and contractility constant.
REMODELING OF THE LEFT-VENTRICLE (LV) is a (patho)physiological process that frequently occurs to maintain cardiac homeostasis under changing myocardial loading conditions (22) . Pathological LV remodeling can occur after myocardial infarction, in case of pressure overload due to aortic stenosis or hypertension, in myocarditis, in idiopathic dilated cardiomyopathy, or when volume overload occurs due to valvular regurgitation (18) . Despite the different etiologies of these diseases, the occuring LV remodeling is controlled by common fundamental processes (29) , which involve changes in cellular physiology, myocardial tissue structure, and LV shape. However, the interaction between the physiological changes observed in the remodeling process and the associated mechanical dysfunction is still poorly understood. Clinical evidence has shown that an increase in sphericity of LV shape correlates with a reduced survival in patients with dilated cardiomyopathy (26) . This suggests that LV sphericity has considerable influence, but it does not establish whether or not the LV shape itself is an important determining factor in the remodeling process. Therefore, the interaction between LV shape and mechanical function needs to be further investigated. Currently, popular methodologies to assess LV mechanical function are based on a quantification of wall stress through application of the Laplace law (41) , which are favored because of mathematical simplicity. However, the comprehensive value of this simplifying approach can be questioned, since it does not incorporate the interaction between tissue structure and mechanical function, while assumptions about global LV shape are often required. Therefore, to determine the importance of LV shape for the mechanical function, the use of a computational finite element (FE) model is more adequate since it gives a more complete description of regional LV mechanics (24) . However, in past FE studies (e.g., Refs. 9, 25) of LV mechanics, focus was mainly on the influence of fiber architecture or electromechanical tissue behavior, assuming a normal LV shape based on gross anatomical measurements while limited attention was paid to the physiological interpretation of intramyocardial heterogeneity obtained. Therefore, the influence of LV shape on passive compliance and fiber stress and strain at end diastole (ED) was examined in a FE model in a previous study (12) . It was found that the compliance did not alter significantly with LV shape while the intramyocardial distributions of passive fiber stress and strain depended on regional longitudinal curvature and wall thickness. Based on the FrankStarling mechanism (34) , it was expected that the distribution of fiber stress and strain and work load during systole could also depend on the LV shape. In a study by Geerts et al. (19) , the influence of LV shape changes on transmural distributions of active fiber stress, as averaged over the ejection phase, and of sarcomere shortening was studied in ellipsoidal shape models but only at the equatorial level. Therefore, to investigate the influence of changes in LV shape on mechanical transmural distributions during systole in regional details, a computational FE study was performed using the LV shape models as developed by Choi et al. (12) . Hereto, simulations of passive filling followed by contraction was performed for different LV shapes, while keeping the material behavior, mechanical activation and contractility constant.
MATERIALS AND METHODS

Definition LV Shape
The LV shape was approximated as a truncated thick-walled ellipsoid with a homogeneous wall thickness, following the approach in a previous study (12) . The ellipsoidal geometry was defined in curvilinear prolate spheroidal coordinates. The transformations between prolate spheroidal (, , ) and Cartesian (x, y, z) coordinates are given by:
where d is the focal length. As shown in Fig. 1A , the -coordinate lines are perpendicular to confocal ellipsoidal surfaces, while the angular -and -coordinates determine the longitudinal and circumferential position on these surfaces, respectively. With the use of this coordinate system, the relative dimension of the ellipsoid was varied to obtain shapes with different degrees of sphericity, which was defined as the short-to-long-axis ratio of the LV cavity. LV walls with different shapes were constructed by first defining the geometry of the endocardial surface such that a given sphericity was obtained while keeping the cavity volume and basal diameter at the prescribed values. Secondly, the epicardial surface was constructed by moving outward along the normal vectors on the endocardial surface, taken as the transmural directions, until a given wall volume was obtained.
The reference cavity and wall volumes were set to 65 and 127.5 ml, respectively, such that the resulting ratios of end sytole (ES) cavity volume and ED cavity volume over wall volume were ϳ0.35 and 0.9, respectively (see RESULTS) , which is in good agreement with average values obtained for the human LV (6) . To represent the valve annuli, the opening at the truncated basal side was given a constant diameter of 3 cm, based on Otto and Bonow (30) .
Computational LV Model
FE mesh. For each LV shape, a structured FE mesh of the LV wall was constructed in prolate spheroidal coordinates to reduce the number of elements and hence calculation time. Each mesh contained 10 elements transmurally and 30 elements longitudinally. Because of the symmetry, only one element in the circumferential direction was required. An example of the FE mesh is shown in Fig. 1B .
Fiber orientation and constitutive behavior. The local anisotropy due to the intramyocardial myocyte arrangement (1) was accounted for by a mathematical template of a helical fiber angle that varied transmurally from 75°at the endocardial border to Ϫ45°at the epicardial border, following Guccione et al. (20) (see Fig. 1C ). Intramyocardial mechanical stress was described by the Cauchy stress tensor , which is a sum of a passive p and an active component act:
where e f indicates the unit vector along the local fiber direction. The passive mechanical response of the myocardium was modeled using an incompressible hyperelastic strain energy function ⌿, assuming a transverse isotropic symmetry aligned with the local fiber direction. The incompressibility was imposed via a Lagrange multiplier p:
with J equal to the determinant of the deformation gradient tensor F.
The relation between p and ⌿ is given by:
where E denotes the Green-Lagrange strain tensor. The Lagrange multiplier p in Eq. 3 will enter the mechanical equations as a hydrostatic pressure. For ⌿ iso, the function as proposed by Okamoto et al. (28) was used:
In Eq. 6, E ij are the elements of the Green-Lagrange strain tensor referred to the local fiber coordinate axes. The fiber, cross-fiber and transmural directions are indicated by F, C, and R respectively. In Eq. 5, B is a scaling parameter, while b 1, b2, and b3 in Eq. 6 are material parameters defining the exponential stress-strain relations. During contraction, active tension development by the myocytes was accounted for by adding an active stress component act along the local fiber direction. Hereto, the contraction model as described by Bovendeerd et al. (9) was used. In this model, the sarcomeric contractile apparatus is mechanically represented by a tension developing contractile element in series with an elastic element. Hence, act depends on the sarcomere length ls, the contractile element length lc and the time ta elapsed since the start of local activation:
with ls0 being the sarcomere length in the undeformed reference state and Ea the stiffness of the series elastic element. The sarcomere length ls depends on the fiber strain through:
In Eq. 7, s iso represents the isometrically developed active stress that depends on the contractile element length lc:
with T0 equal to a reference active stress level. The dependency of the active stress on ta is represented by stw: 
with
where ld gives the extrapolated sarcomere length associated with zero twitch duration. A linear approximation of the hyperbolic velocitytension relation of muscle contraction was obtained by defining the shortening velocity of the contractile element as:
where v 0 is the unloaded shortening velocity. Propagation of mechanical activation. Determination of the local time of onset of activation tact was sufficient as input for the contraction model. The propagation of the activation wave front was modeled by the eikonal-diffusion equation (35, 25) : (13) In Eq. 13, M is the coupling tensor containing characteristic spatial constants i that describe the anisotropy of the wave propagation according to the local fiber coordinate system:
The characteristic time constant m and dimensionless constant c0 determine the propagation speed. It was assumed that the activation started (t act ϭ 0) at the endocardial border, which was activated simultaneously to account for the presence of fast conducting Purkinje fibers. The LV boundaries were considered to be electrically insulated such that the wave fronts were perpendicular to these boundaries. Windkessel model of ejection. During ejection, the time course of the displaced blood volume will be determined by the hydrodynamic characteristics of the arterial system. It was assumed that a lumpedparameter representation was sufficient within the scope of this study. Therefore, a three-element Windkessel model (40) was implemented to describe the pressure-flow relation in the arterial system and hence LV cavity. In this model, the arterial system is characterized by a compliance (C), a peripheral resistance (R), and a characteristic impedance (R c). The compliance is equivalent with a capacitance while the peripheral resistance and characteristic impedance behave as resistors. By applying Kirchhof's balance laws, the following cavity pressure-volume relation during ejection is obtained:
where P and V are the LV cavity pressure and volume, respectively. Dynamic equations and boundary conditions. The LV wall deformation was governed by Cauchy's equation of motion, which gives the conservation of momentum for deforming solid bodies (23):
No inertial and body forces were assumed. In all simulations, a zero pressure was applied on the epicardial surface, following other simulation studies (e.g., 13, 9). The endocardial basal rim was constraint in all coordinates to account for the relative stiff valve annuli and to prevent longitudinal translation of the LV. To simulate the passive filling phase from the reference configuration to ED, a cavity pressure increase of 8 mmHg (1.066 kPa) was imposed on the endocardial surface. In simulations of the isovolumic contraction (IVC) phase, the isovolumic constraint was imposed on the cavity volume by integration over a FE mesh of the cavity. The cavity pressure was solved for as an additional variable associated with this constraint. The end of IVC was reached when the cavity pressure equaled the diastolic blood pressure of 80 mmHg (10.66 kPa), at which point the aortic valve was assumed to open. During the following ejection phase, the isovolumic constraint was replaced by the Windkessel equation (Eq. 15). ES was assumed to be reached when the decrease in cavity volume between subsequent calculation steps was Ͻ0.05 ml.
Numerical Implementation
All equations were solved with an in-house developed nonlinear Galerkin-type curvilinear FE framework as previously described (12) . Trilinear interpolation was used in each element for both the activation time and the spatial coordinates. A mixed method was applied to solve the displacement field together with the hydrostatic pressure. This FE implementation was combined with a forward Euler scheme to solve for the time dependency in the contraction and Windkessel models.
Simulations
Three different LV-shapes were considered by setting the short-tolong-axis ratio of the cavity to 0.2 (ELONG), 0.5 (NORMAL), and 0.99 (SPHERE). For each shape, a FE mesh was created and subsequent simulations of passive filling, IVC, and ejection were performed. The input parameters of the different equations were set to the values as listed in Table 1 . Mean values obtained by Okamoto et al. (28) for five dog experiments were used for the parameters of the passive hyperelastic material law (Eqs. 5 and 6). The scaling parameter B was set to the mean value, while the exponential parameters b i were set to the mean values reduced with a factor of 0.2 to obtain physiological ED volumes. The parameter values of the contraction model (Eqs. 7-12) were chosen based on Bovendeerd et al. (9) , with modifications to obtain physiological ejection fractions (ϳ60%). The values for the eikonal-diffusion parameters (Eq. 13) were taken from Tomlinson (35) . The parameters of the Windkessel model (Eq. 15) were set to values which were considered to be within human physiological range, based on Segers et al. (32) . The simulations with these parameter setttings will be referred to as the TRANSM simulations. For each LV shape, the regional Lagrange fiber strain, active fiber stress, and Cauchy fiber stress, i.e., the sum of active and passive fiber stress, were analyzed. Results were visualized in a longitudinaltransmural cross-section of the undeformed LV shape because of the circumferential symmetry. The regional stroke work density was calculated as the area enclosed by the Cauchy fiber stress-natural fiber strain loop, following Kerckhoffs et al. (25) . To close the loops, it was assumed that the relaxation from ES happened isometrically, i.e., at a constant ES fiber length. Additional simulations were performed to test the sensitivity of the shape comparison to passive compliance, activation, and fiber orientation. To test for the sensitivity to passive compliance, a stiffer LV wall was considered by increasing the exponential parameter b i in the passive material law (Eq. 6) with a factor of 0.2 while increasing the reference cavity volume to 85 ml at the same time to obtain a physiological ED volume (COMPL). Sensitivity to activation was tested by considering a simultaneous activation of the entire LV wall (SIMUL) and also a more apex-to-base activation (APEX-BASE). To obtain an apex-to-base activation, initiation was defined on the endocardial surface at 10% of the endocardial apex-to-base arc length above the apex, while the propagation speed in the fiber directions was increased by a factor 6.0 at the endocardium to account for the Purkinje-fibers, following Kerckhoffs et al. (25) . Sensitivity to fiber orientation was tested by shifting the linear transmural helical angle distribution to a symmetric distribution that varied from 60°endocar-dially to Ϫ60°epicardially. For this distribution of fiber orientations, simulations were performed with the original transmural activation (FIB60_TRANSM) and also with a simultaneous activation (FIB60_SIMUL).
RESULTS
Results are shown for the TRANSM simulations. The distribution of the activation time t act is shown in a longitudinaltransmural section for each of the three LV shapes in Fig. 2 . Because of the initiation at the endocardial surface, the activation wave propagates outward along the radial directions. Hence, the activation time varies only transmurally such that activation delay between endo-and epicardium is determined by the wall thickness. However, the difference in this activation delay between the shapes is small: ELONG ϭ 23.4 ms, NORMAL ϭ 27.0 ms, and SPHERE ϭ 27.7 ms.
The ED, ES, and stroke volumes and ejection fractions obtained in the simulations are listed in Table 2 . The LV shape has more influence on the ES volume than on the ED volume. The ES volume increases with 12.32 ml from the ELONG to the SPHERE shape, resulting in a decrease of 18.80 ml in stroke volume and 13% in ejection fraction. The cavity pressure and volume variations from beginning of activation, i.e., ED, until ES are very similar between the different LV shapes, as can be seen in Fig. 3 . The duration of the IVC and ejection phases are almost the same between the LV shapes, as shown in Table 2 . However, the peak systolic cavity pressure is 1.82 kPa lower for the SPHERE shape compared with the ELONG shape.
The intramyocardial distributions of the passive ED fiber stress and strain are shown in Fig. 4A . As obtained in a previous study (12) , the transmural course of both passive ED fiber stress and strain at the midheight level is strongly dependent on the LV shape, related to the changes in regional longitudinal wall curvature. A reversal of the subendocardial transmural gradient can be observed, such that a maximum is obtained in the midwall region for the ELONG and NORMAL shape, which have lower wall curvature. In the SPHERE shape, the transmural distributions of passive fiber stress and strain have a similar course at the midheight and apical level, which is consistent with the longitudinal wall curvature becoming homogeneous in this LV shape.
The intramyocardial fiber strain and active fiber stress distributions at the beginning of ejection (ϭend of IVC) in a longitudinal-transmural section are shown in Fig. 4B for the three LV shapes. As can be seen, heterogeneous distributions are again obtained. The distributions of both quantities are very similar between the ELONG and NORMAL shape but are different between these two shapes and the SPHERE shape. This difference is most apparent at the midheight level, where both fiber strain and active fiber stress are lower in the midwall and subepicardial region for the SPHERE shape, combined with a steeper subendocardial gradient.
In Fig. 5 , the time courses of the fiber strain, active fiber stress, and Cauchy fiber stress from beginning of activation (ED) until ES are plotted for three different transmural positions at the midheight (mid) and apical (apex) levels as indicated by, respectively, the black and white lines in the longitudinal-transmural sections of Fig. 4 . The transmural positions are located at 15% (endo), 50% (midwall), and 85% (epi) wall depth from the endocardial surface. Differences can be observed between the transmural positions. While the subendo- cardial fibers shorten (ϭdecreased fiber strain) strongly during IVC, the subepicardial fibers are stretched (ϭincreased fiber strain) during IVC, which is more pronounced at the midheight than at the apical level. The time courses are also different between the midheight and apical level. At the apical level, fiber shortening happens quickly such that fiber strain and stresses remain fairly constant during the last part of ejection. At the midheight level, on the contrary, shortening occurs over the entire systole while the fiber stresses are characterized by a peak during the ejection phase. The time courses are very similar between the different shapes, although the midwall and subepicardial fibers at the midheight level of the SPHERE shape shorten less and develop less active stress during ejection.
In Fig. 6 , the Cauchy fiber stress-natural fiber strain loops at the same intramyocardial positions as in Fig. 5 are shown for the three LV shapes. These loops start from the reference configuration (zero stress and strain) and end at ES in a counterclockwise direction as indicated by the arrows. At the midheight level, the subendocardial fiber shortening and subepicardial fiber stretching during IVC result in a more narrow and wider stress-strain loops respectively. At the apical level, the stress-strain loops are smaller due to the rapid shortening during early systole.
The longitudinal-transmural distributions of the stroke work density of the three LV shapes are shown in Fig. 7 . The ELONG and NORMAL shapes have a very similar distributions of the stroke work density. The distribution obtained for the SPHERE shape differs from that of the ELONG and NORMAL shape mainly at the midheight level. At this level, the stroke work density in the midwall and subepicardial regions is lower in the SPHERE shape, while the subendocardial gradient is steeper. The transmural distribution at the apical level, on the contrary, is very similar between the different shapes.
The sensitivity analysis resulted in only minor hemodynamical differences. The changes in the activation mainly influence duration of IVC in all shapes, which is on average 14.3 ms shorter and 10.4 ms longer in case of a simultaneous activation (SIMUL) and apex-to-base activation (APEX-BASE), respectively. The stroke volume and ejection fraction are reduced by the change in fiber orientation (FIB60_TRANSM and FIB60_SIMUL) in all shapes, with average differences of 4.4 ml and 3%, respectively. A similar effect was obtained in the simulations with a reduced passive compliance (COMPL). Nevertheless, the stroke volume and ejection fraction are consistently lower in the SPHERE shape in all simulations, with differences between the ELONG and SPHERE shape that remain higher than 15 ml and 12%, respectively.
The transmural distributions of the stroke work density at the midheight level are shown in Fig. 8 for the different cases considered in the sensitivity analysis. The reduction in passive compliance (COMPL) resulted in lower values but did not alter the course of the transmural distributions significantly, although the values are now higher in the subepicardium than in the subendocardium in the SPHERE shape. The simulations with an apex-to-base activation (APEX-BASE) resulted in similar transmural distributions. A simultaneous activation (SIMUL) lowered the midwall and subepicardial values and increased the subendocardial values. The same effect can be observed in the simulations with the altered fiber orientation (FIB60_TRANSM and FIB60_SIMUL) . However, the simulations with a simultaneous activation (SIMUL and FIB60_SIMUL) did not result in an epicardial myofiber stretching during IVC. In all simulations in the sensitivity analysis, the stroke work density values in the midwall and subepicardial regions are consistently lower in the SPHERE shape while the subendocardial gradient remains steeper in this shape compared with the ELONG and NORMAL shapes.
DISCUSSION
In this study, interaction between LV shape and regional fiber mechanics and global hemodynamic function during systole has been examined. Hereto, the LV wall sphericity was varied in a computational FE model. Differences in hemodynamic performance and transmural distributions of fiber stress, strain, and stroke work were found between LV shapes.
Validation
In all LV shapes, the endocardial initiation of activation causes stretching of epicardial fibers by the early shortening endocardial and midwall fibers during IVC, as shown in the fiber strain plots in Figs. 5 and 6. This epicardial stretching is most pronounced at the midheight level, where the amount of stretching is more LV shape dependent, with less stretching occuring in the SPHERE shape. Epicardial myofiber stretching during IVC was also obtained in other FE modeling studies using the same activation pattern in similar LV models (e.g., 25) and also in complex strongly electromechanically coupled LV models (e.g., 27). In recent high spatial and temporal resolution measurements using radioopaque markers by ison between these results and those reported by Ashikaga et al. (3) shows a good agreement.
Mechanical Heterogeneity
A significant variation in stroke volume between the ELONG and SPHERE LV shape was obtained. The stroke volume of the SPHERE LV shape was smaller, indicating a reduced ejection performance, which was also obtained by Geerts et al. (19) . Regionally, this reduction in function is mostly situated at the midheight level, where both fiber shortening and development of active fiber stress were reduced in the midwall and subepicardial regions in the SPHERE LV shape. In correlation, lower stroke work values were also obtained in the midwall and subepicardial regions in this shape.
The transmural distributions of fiber stresses and strain during contraction are LV shape dependent, as can be seen in Fig. 5 . However, contrary to what has been shown for passive ED fiber stress and strain (12) , the dependency on local longitudinal curvature is less clear, since the time courses of the systolic fiber stresses and strain are different between the midheight and apical region, even for the spherical shape. This difference shows the impact of the variation in mechanical boundary conditions and constraint between the apical and basal region, which results in regional variations in fiber mechanics and also in a twisting deformation of the LV wall. This underlines again that the curvature-based Laplace law, although simple in use, does not necessarily give adequate estimations for regional systolic fiber stress.
It has been hypothesized that the intramyocardial ED passive fiber strain distributions could be an indicator for the regional prestretch of the myocytes and hence also for the distributions of regional work load during contraction, based on the Frank-Starling mechanism (12) . However, the results of the contraction simulations show that the relation between ED passive fiber strain and regional mechanical stroke work is not so straightforward. Comparison of Fig. 4 with Fig. 7 shows that the distribution of fiber strain at the end of IVC, and not at ED, is most representable for the regional mechanical stroke work distribution.
Although intramyocardial heterogeneity in tissue structure is well documented (e.g., Ref. 1), the physiological presence and importance of heterogeneity in mechanical function is still a much debated issue. Uniformity has been proposed as an adaptation criterion (2), which was subsequently used to optimize transmural fiber angle distribution for minimal heterogeneity in active fiber stress (7, 38) , in fiber strain at beginning of ejection (31) , and in sarcomere length (38) . However, it has been shown that the optimal fiber orientations obtained in these studies do not agree well with recent measurements in ovine left ventricles (17) . This suggests that the LV shape is an important determining factor for the intramyocardial distribution of mechanical function, which is confirmed by the results of the present study.
It is unclear whether and how the transmural distribution in mechanical stroke work correlates with myocyte metabolism. Early experimental measurements have indicated that the cellular metabolism varies between different regions, but the statistical and physiological significance of these results has been questioned because of low spatial resolution, methodology artefacts, and conflicting results (37) . However, recent studies with improved methodologies have shown that presence of metabolic heterogeneity is significant, although the correlations between different markers were not always consistent. The experimental evidence (14, 21, 16, 5) suggests that myocardial blood flow is higher in the subendocardium than in the subepicardium. However, whether transmural difference in blood flow is related to differences in work load remains undetermined. It has also been observed that the subendocardium is more susceptible to ischemia, which could potentially be related to the transmural differences in blood flow (5) . The reduction in mechanical stroke work in the midwall and subepicardial region in the SPHERE shape obtained in the present study suggest that a mismatch between metabolic supply and work load in the subendocardium is a higher risk factor in a spherical shape.
In the NORMAL shape, differences in time courses of active fiber stress and fiber strain between the TRANSM and SIMUL simulations and between the SIMUL and FIB60_SIMUL simulations were similar to what was obtained in the studies by Kerckhoffs et al. (25) and by Bovendeerd et al. (7) respectively. The sensitivity analysis shows that variations in fiber angles are another strong determinant of intramyocardial fiber stress and strain distributions. This was also obtained in previous modeling studies. Adjustment of fiber orientations can result in a reduction of the active fiber stress range with as much as 50% (7), while the introduction of a transverse angle has a strong impact on shear deformation, which also affects fiber stress and strain (8) . It has also been shown that helical and transverse angle can be optimized for homogeneous transmural distributions of active fiber stress and fiber shortening during contraction, which was demonstrated to be correlated with optimal ejection fraction and efficiency (31, 38) . The sensitivity analysis further indicates that the effect of LV shape on transmural variations of active fiber stress and fiber shortening is comparable with the effect of fiber orientation, which is in agreement with the study by Geerts et al. (19) . Therefore, the importance of LV shape should also not be neglected. It can be argued that fiber orientation is in part determined by LV anatomy, such that physiological variations in LV shape and fiber orientation could be interdependent. Unfortunately, the interaction between changes in LV shape and fiber orientations has not yet been clearly investigated. The influence of mechanical activation pattern should also not be neglected, although the sensitivity analysis shows that a transmural delay in mechanical activation is required to obtain epicardial myofiber stretching during IVC as experimentally observed.
Limitations
Because of the focus on LV shape, assumptions and simplifications were made in the computational FE model with respect to the other anatomical and physiological aspects of LV function, to keep the calculations tractable. A transmural helical fiber angle distribution was assumed to be sufficiently representable for the architecture of the complex myocyte network, of which the exact nature is still much debated (see e.g., Ref. 1 for an overview). The basal constraint of the endocardial border was probably too strict. Values in the basal region were therefore considered unphysiological because of this boundary artefact, which was also obtained in, e.g., Ref. 31 . However, reliable measurements of basal and epicardial boundary conditions are still lacking. Because of the circum-ferential symmetry, right ventricular pressure and mechanical interaction between the left and right ventricles were not taken into account, such that the results are more representable for the LV free wall. No residual stress was considered, although it has been observed experimentally in the unloaded ex vivo heart (e.g., 39). Because the residual stresses are typically in the range of 1 kPa (8), it can be expected that the influence will be mainly important during passive filling while the contribution can be considered negligible during contraction. A simultaneous initiation of activation at the endocardial border is a simplification of the complex system of fast conducting Purkinje fibers. However, given the ellipsoidal representation of the LV shape, this was assumed to be sufficiently appropriate for the purpose of the study. It was assumed that the mechanical Hill model as proposed by Kerckhoffs et al. (25) and Bovendeerd et al. (9) was sufficient to model the myocardial contraction, since no aspects of cellular physiology were considered.
Conclusion and Future Work
It has been shown in the present study that LV shape can be an important determinant for intramyocardial mechanical heterogeneity. The hypothesis has been proposed that disease progression in pathological conditions could be related to severe alterations of normal intramyocardial heterogeneity (10) . In this point of view and based on the results of the present study, it is not unlikely that mutually interacting changes in intramyocardial heterogeneity of cellular physiology and regional mechanical function could be a trigger for pathological LV shape remodeling or vice versa. However, further study is required to determine the physiological importance. The focus of the present study was on LV shape, but LV remodeling also involves changes in cavity volume, wall thickness, and tissue structure. The combined effect of these factors needs to be addressed in future studies, which would require more complex modeling approaches to obtain a more physiologically realistic representation of the LV.
